Abstract. Laser thermal therapy represents a possible method to treat premalignant epithelial lesions of the esophagus. Dynamically conforming the thermal injury profile to a specific lesion boundary is expected to improve the efficacy of such a treatment and avoid complications. In this work, we investigated wavelength tuning as a mechanism to achieve this aimed control over injury depth by using the strong variation of water absorption close to 1900 nm. We developed a numerical model simulating in steps the photon propagation in the tissue, the diffusion of the absorbed heat, and the resulting tissue damage. The model was compared with experimental results on porcine esophageal specimens ex vivo and showed good agreement. Combined with power tuning, the wavelength agility in the range of 1860 to 1895 nm extends the injury range compared to a fixed wavelength source beyond 1 mm, while at the same time improving control over shallow depths and avoiding vaporization at the tissue surface. The combination of two or three discrete wavelengths combined at variable ratios provides similar control, and may provide an improved strategy for the treatment of endothelial lesions. C 2011 Society of Photo-Optical Instrumentation Engineers (SPIE).
Introduction
Esophageal cancer caused 14,500 U.S. deaths in 2010 and its incidence is rising faster than that of all other malignancies in the western world. 1 To improve these statistics, new techniques enabling earlier detection are needed in hand with strategies for early-stage intervention. Significant progress has been made toward improving diagnosis through optical imaging, for example, optical frequency domain imaging (OFDI). 2 High resolution imaging of the esophagus using OFDI has been shown to provide high-speed, wide-field, and high-resolution (∼10 μm) crosssectional imaging of the epithelial tissue microstructure using a balloon catheter deployment. 3, 4 The balloon acts to center an inner lumen within the tubular organ, and a side-looking imaging beam is rotated and translated within the inner lumen, scanning the imaging beam in a helical pattern, enabling wide-field imaging. Comprehensive in vivo imaging using this paradigm has been demonstrated in clinical studies. [5] [6] [7] The past 5 years have additionally seen dramatic changes in the therapy of early-stage esophageal cancers, and in the management of Barrett's esophagus, a precursor lesion of esophageal adenocarcinoma. Radio-frequency (RF) ablation, which uses finely structured electrodes integrated into a balloon catheter to thermally coagulate the tissue at a superficial depth, has achieved unprecedented eradication rates of Barrett's esophagus. 8 The ease of operation of RF ablation and the low incidence of complications may transform the standard-of-care treatment strategy for this disease. Instead of surveilling the patient and waiting for Barrett's esophagus to develop into high grade dysplasia, treatment of low grade dysplasia and even nondysplastic epithelium is now envisioned. 9 Recent studies established that in the short-term Barrett's esophagus is eradicated for a majority of the patients. 10 However, despite repeated treatment sessions within 1 year, up to 23% of patients are left with metaplasia (11% dysplasia). 11 A possible explanation is the difficulty of applying the thermal therapy homogeneously over the irregular surface of the esophagus. The superficial application of the ablation without local control on the depth of the treatment also bears the risk of missing buried glands, which could reinitiate metaplasia at a later point in time. Patients are hence enrolled in post-treatment surveillance programs, which, together with the need for repeated treatment sessions, constrain the cost-efficacy of this approach. 12 We have thus hypothesized that an image-guided therapy that combines improved imaging with spatially and depth controlled ablation therapy may dramatically improve the efficacy of this treatment and limit adverse complications and long term recurrence. In such an image-guided ablation device, a method for controlling the depth of the ablative injury is needed. In this work, we explore a mechanism to dynamically adjust the injury depth in laser thermal therapy (LTT), applied comprehensively in a beam scanning paradigm similar to that employed by the OFDI imaging system [Figs. 1(a)-1(c)]. Critical to this approach is the strong variation of the absorption coefficient of most biological tissue in the vicinity of the 1900 nm water absorption peak. Using combined wavelength and power tuning in this spectral region we demonstrate through both simulation and ex vivo studies that high fidelity depth control can be achieved. We further contrast the performance of two strategies of implementing depth controlled laser ablation: a continuous wavelength and power tunable therapy laser, and a combination of a set of individual power tunable fixed wavelength sources.
Materials and Methods

Ex Vivo Studies
We performed ex vivo laser ablation studies on porcine esophageal tissue samples harvested immediately after sacrifice and stored at − 80 o C. To generate scanned beam injuries, we placed the tissues on a metal fixture heated to 37 o C. The tissue samples were flattened and slightly compressed with a coverslip to ensure physical contact and as a proxy to balloon inflation. The epithelium was oriented against the glass coverslip. The dimensions of each tissue sample were approximately 3 cm × 4 cm along the top face and 3-mm thick after compression. The metal fixture was mounted to a motorized stage to provide fixed velocity translation at v = 2.2 mm s − 1 . The collimated beam from a wavelength tunable thulium fiber laser (TFL) (IPG Photonics) was directed at the epithelium through the glass side. The TFL provided single-mode output at powers up to 1.2 W and wavelengths from 1860 to 1895 nm. The collimated beam diameter was 1.3 mm. Four linear injuries approximately 3 cm in length were generated in each tissue sample. The laser power and wavelength were held constant during exposure for each injury. A total of 32 laser settings were used, spanning the combination of four laser wavelengths (1860, 1870, 1882.5, and 1895 nm) and 8 laser powers (150, 300, 450, 600, 750, 900, 1050, and 1200 mW). The thermal therapy was monitored in real time with OFDI by focusing the imaging beam on the tissue surface in the center of the therapy beam.
After laser exposure, the metal fixture containing the compressed tissue was placed in an − 80 o C freezer for 30 min to fix the conformation of the tissue. The frozen tissue was then removed and cut into smaller pieces for histological processing. The cuts were oriented perpendicular to the line injuries. Between 8 and 12 pieces were obtained from each tissue sample. Each piece was embedded in optimum cutting temperature compound for frozen processing and 10 μm sections were cut. From each piece, a minimum of 2 slides were prepared using a nitroblue tetrazolium chloride (NBTC) histology stain specific for thermal injury, 13, 14 resulting in 16 to 22 histological sections for each generated injury. NBTC stains positive for the thermolabile enzyme lactate dehydrogenase (LDH). Loss of LDH activity ensues rapidly upon heat-induced cell damage and NBTC staining correlates with classical histology. 15 For some pieces, additional sections were generated using NBTC staining with an eosin counterstain for enhanced structural visibility. Histology slides were digitized and the depth of each injury was read from the NBTC stained slides using ImageJ software. The injury depth was defined as the deepest point of unambiguous thermal injury.
Laser Thermal Therapy Simulations
To explore the impact of laser power and wavelength on injury depth and investigate important design parameters, we modeled the laser-tissue interaction and the coagulation of tissue. This simulation comprised three independent stages. The first stage used Monte Carlo methods to determine the three-dimensional energy absorption in the tissue as a function of the wavelength dependent absorption coefficient (μ a ), the scattering coefficient (μ s ), and the anisotropy (g). The second stage used this absorption profile as the heat source in a three-dimensional, timedependent finite-difference modeling of the heat diffusion in the tissue. Finally, a third stage deduced from the time-dependent temperature profile the resulting tissue damage by modeling the protein denaturation with the Arrhenius equation as a first-order process. 16 Monte Carlo modeling of light radiance in the tissue was carried out with the multilayered approach and source code of Wang et al., 17 where our sample was modeled as a two-layer media. The first (superficial) layer described the ∼180 μm thick coverslip used in the ex vivo studies (μ s = 0, n = 1.44, where n is the refractive index). The second layer described a homogeneous tissue (n = 1.38). To calculate the irradiance due to a 1.3 mm Gaussian beam, the result of the Monte Carlo simulation that corresponds to the photon distribution of an infinitely narrow photon beam in cylindrical coordinates and assuming circular symmetry, was interpolated on a three-dimensional grid and convolved with the Gaussian beam profile. The tissue optical properties were assumed to be independent of temperature. The scattering coefficient and anisotropy were modeled as wavelength-independent over the limited spectral range ( λ = 50 nm) of this study. The scattering coefficient was extrapolated following Collier et al. 18 to μ s = 21 cm − 1 , and an anisotropy of g = 0.9 was assumed. The significant wavelength dependence of the absorption coefficient due to the nearby 1900 nm water absorption peak was included by using the absorption values for water reported by Wieliczka et al. 19 [ Fig.  1(d) ]. The absorption of the tissue was obtained by multiplying the values for water by the water content of the tissue, which was estimated to be 70%. 14 The diffusion of the heat deposited by the laser irradiation is governed by the laws of heat transfer. For the case of an isotropic medium with location dependent material properties the heat conduction is governed by:
k, ρ, and c are the thermal conductivity , the density, and the specific heat, respectively. Q is the thermal source of the laser irradiation and was computed by the Monte Carlo simulation, and T is the resulting temperature in function of space and time. The heat transfer was solved with a time-dependent finitedifference modeling in an explicit forward time model, using a control volume approach. 20 The tissue and coverslip were described by a three-dimensional mesh of size 160 ×160 ×70 (x×y×z) where the z dimension defines the depth into the tissue [ Fig. 2(a) ]. The mesh spacing was x = 60 μm in all dimensions resulting in simulated tissue dimensions of 9.6 mm (x, y) ×4.2 mm (z). The temperature solution was advanced in time at t = 0.47 ms time steps. To include the effect of the scanned therapy beam, the temperature solution was shifted after each time step in the + x direction by 1.034 μm (v · t = 2.2 mm s − 1 · 0.47 ms). This simulation methodology revealed the temperature solution in a finite volume fixed to the location of the therapy beam, i.e., in a reference frame that was translating with . From this temporal temperature profile, the thermallyinduced coagulation injury was computed as a first order rate process, with the reaction rate constant given by the Arrhenius equation. The resulting damage integral in function of lateral position and depth is given as
where the parameters A and E a are the frequency factor (s − 1 ) and activation energy for denaturation (J mol − 1 ) for the tissue, and R is the universal gas constant (8.31 J mol
. The library of these parameters for specific tissues is growing but does not yet include values for esophageal mucosa. As a proxy, we have adapted those derived to describe laser-induced necrosis in swine skin, A = 2.88 × 10 98 s − 1 and E a = 6.3 × 10 5 J mol Henriques. 24 The integral extends from t = 0, the beginning of the irradiation to t = τ , the duration of the simulation window. The dimensions in the simulation were chosen to ensure that the reaction rate is 1 at t = τ and no longer contributes to the overall damage integral. The fraction of thermally denatured proteins at a given spatial location is expressed as
For the assessment of the injury depth, the temperature profile and damage fraction were analyzed at midline of the therapy beam (y = 4.8 mm). The tissue was assumed to be fully coagulated in regions where D > 0.95.
Results
Injury Depth Control in Single-Wavelength LTT is Limited by Vaporization and Accuracy Bounds
To establish a baseline performance, the injury depth range achieved by power modulation of a fixed wavelength therapy beam was analyzed. The optical properties of the tissue at a specific wavelength define the effective penetration depth and energy distribution inside the tissue. Changing the laser power results in a linear scaling of this distribution. Because the finitedifference model is at equilibrium in the absence of any irradiation, the solution to the heat transfer equation likewise scales linearly with power around the initial temperature of 37 • C. Figure 3 (a) displays the maximum temperature that occurred at each depth during exposure along the middle of the therapy beam for two different power settings and a wavelength of 1875 nm. The shape of these temperature curves is defined by the tissue physical properties and the glass slide at the surface that acts as a heat sink and evacuates heat from regions adjacent to the surface. Whereas the temperature profile scales linearly with power, the damage integral does not. This reflects the tissue's susceptibility to temperatures above ∼64
• C, for which the activation energy for protein denaturation is exceeded. Assuming the tissue to be fully coagulated in regions where D > 0.95 results in treatment depths of 0.26 and 0.78 mm for irradiation with 0.29 and 0.61 W, respectively. The transitory region 0.95 > D > 0.05 was interpreted as a region of partial damage, where reversible damage such as edema and perivascular inflammation occur. In the interest of producing a clear treatment boundary, to reduce the risk of excessive collateral damage, and to ensure rapid healing and good tolerability of the treatment the margin, δ, of this region should be minimized. 25 At sufficiently high powers, the peak temperature at a superficial depth in the tissue reaches 100 o C, sufficient to induce vaporization. Although commonly used in the laser ablation of various tissue types, in the present setting vaporization is undesirable for two reasons. First, it results in an unpredictable and unstable injury zone. The removal and vaporization of superficial tissue likewise removes the landmarks necessary for guidance and control of the treatment depth. Second, vaporization induces dynamic modulations in the tissue properties that frustrate high resolution imaging. Thus, the vaporization threshold bounds the applicable power on the upper side and limits the achievable injury depth. Our model predicts a power threshold for vaporization of 0.61 W at a wavelength of 1875 nm. For these parameters, the injury depth is limited to 0.78 mm [ Fig. 3(a) ].
As the power is reduced to drop the injury depth, several characteristics of the injury response are noteworthy. First, at sufficiently low powers, too little energy is deposited in the tissue to induce damage. This constitutes the most fundamental low-power/shallow-injury bound. The lower power setting of 0.29 W in Fig. 3(a) just reaches a fractional damage of 0.99, and was used as criterion for the lower bound of the achievable injury depth. Due to the presence of the coverslip, the most superficial tissue is no longer completely coagulated in this configuration, but isolated from the spared tissue by a denatured layer. Also, at such low power, the slope of the temperature profile becomes very moderate and results in a larger margin δ. This reduced temperature slope also has the effect that a slight change in power would induce significant variations in injury depth. Besides variation in power, the variability of tissue parameters that define thermal heating and practical limitations in precise delivery of laser light in clinical settings have a similar effect. A short margin δ is desirable to achieve accurate control over injury depths.
Wavelength-Agile LTT Extends Injury Depth Control
To broaden the treatable depth under the constraints of preventing vaporization and maintaining an acceptable injury margin δ, an additional mechanism besides power tuning is needed to alter the depth-dependent energy deposition in the tissue. Varying the wavelength in order to tune the tissue absorption coefficient offers precisely this possibility. The absorption coefficient dominates the light distribution in the considered wavelength range. The absorption length μ a − 1 varies from 0.15 mm at 1900 nm to 1.28 mm at 1850 nm, whereas the modeled transport mean free path is μ s
Ignoring scattering, a variation in the absorption coefficient simply results in an altered exponential intensity decay along depth. The impact of this effect on injury depth is highlighted in Fig. 3(b) which shows the maximum temperature in the function of z and the resulting fractional tissue damage for the previously discussed bounds at the extreme wavelengths of our experimental laser source (1860 nm: μ a − 1 = 1.00 mm, 1895 nm: μ a − 1 = 0.176 mm). At vaporization threshold, the injury depth is pushed to 1.07 mm and at the lower bound reduced to 0.13 mm. Figure 3 (c) indicates the achievable injury depth for all possible wavelength-power combinations in the considered range, together with the contours of the resulting injury margin δ. The vaporization threshold and the settings, which induce no damage to the tissue, define an area of viable wavelength-power combinations. As previously observed, with increasing power the treatment depth is extended. At the same time, the injury margin δ shrinks within the viable region. The eventual rise for power levels above the vaporization threshold has to be regarded as an artifact due to the temperature independence of the physical tissue properties employed by the model. At the least, this hypothesis breaks down by the induced phase change at vaporization. Close to the lower bound, the contour lines of the treatment margin become dense, which indicates again the strong sensitivity of the treatment depth and margin δ to variation of power close to the lower bound.
An isolated change of wavelength at maintained power has only little influence on the achieved treatment depth. If in Fig. 3(c) contour lines for constant treatment depth were drawn, they would be tangent to the wavelength axis for a specific wavelength. Indeed, this inflection point defines the wavelength with a minimized power requirement for a given treatment depth, which equals the absorption length in this case. For longer wavelengths, the energy is absorbed at more shallow depths, reducing the treatment depth. For shorter wavelengths, on the other hand, the energy is redistributed to larger depths, effectively diminishing the energy deposited at shallow depths, and inducing the observed recline in treatment depth.
However, the change of wavelength has an eminent influence on both the lower and upper power thresholds and in combination with power tuning considerably increases the range of treatment depths. Figure 3(d) indicates the ideal wavelength-power combination by first using the maximum wavelength of 1900 nm as a single wavelength source and then following the vaporization threshold at a 5
• C security margin. The model estimates injury depths from 0.13 mm up to 1.14 mm with powers ranging from 0.19 to 1 W. Together with an increase in treatment depth, an amplification of the margin δ in an approximately linear fashion comes in hand. Opposite to the increase of δ close to the lower bound, in the present case the boundary margin is however very robust as a function of power.
Ex Vivo Measurements Confirm the Simulated Trend
To validate the simulation results, we performed scanned beam therapy on porcine esophageal sections ex vivo at varying power and wavelength. The induced injury depth was assessed in histology using NBTC, which stains the thermolabile LDH and leaves thermally injured regions unstained. Powers were selected at 150 mW intervals from 150 mW to 1.2 W, and at four discrete wavelengths. Not all combinations induced a recognizable injury. The 150 mW power setting was below injury threshold for all four wavelengths, and at 300 mW, only the high tissue absorption at the 1895 nm wavelength generated sufficient deposition of energy to leave a detectable injury in the NBTC stained sections. On the other hand, for the high power settings, the vaporization threshold reached, resulting at times in audible pops. The parallel monitoring of the exposure with OFDI allowed clear distinction between denaturation below vaporization threshold, which resulted in a continuous variation of the OFDI signal, 26 and above threshold, in which case vaporization induced an abrupt disturbance in the signal. to result in a thermal damage [ Fig. 4(a) ], and just below the vaporization threshold [ Fig. 4(b) ], respectively. The lower panel of Fig. 4 displays the lateral injury profile obtained from the simulation using matched wavelength-power settings. While the shape of the simulated injury matches well with histology, spatial dimensions are overestimated both laterally and in depth. Figure 4 (c) shows the experimentally measured injury depths for the various wavelength-power combinations. The empty symbols mark the settings, which resulted in vaporization at the surface of the tissue. The vaporization and injury thresholds predicted by the simulation are displayed in the same graph and exhibit a good match with the experimental data. The largest discrepancy is found at 1860 nm, in which case vaporization was induced below the theoretically predicted bound. Also, the variability in the measured injury depths is significant for some points, whereas it remains small for others. This can be attributed to local variations and inhomogeneities in the tissue samples, a situation that is very likely to be encountered in a clinical setting.
Overall, the histological measurements of injury confirm the trend described by simulation, i.e., an extension of the accessible injury depth is achieved when wavelength is included as a control parameter relative to a fixed wavelength response.
LTT With Combination of Discrete Power-Tunable Wavelengths Provides Similar Depth Control
Dynamically conforming the thermal injury profile to a specific treatment plan or lesion boundary may best be facilitated by continuous and rapid tuning of both the laser power and wavelength. The implementation of a rapid wavelength tuned source is feasible but rather involved, however, whereas fixed wavelength fiber lasers have a far simpler architecture and are commercially available. As an alternative to continuous wavelength tuning, we investigated multiplexing of a discrete number of power-tunable fixed wavelength sources as a more practicable solution. From Fig. 3(c) it is clear that selecting as little as two wavelengths with overlapping treatment bounds would cover nearly the entire depth range available with the wavelengthtunable source. However, the predicted injury margin δ would be severely compromised, and low power settings close to the lower bound would be required. Again, because of the linearity of the heat transfer equation, a simple mixing of wavelengths results in a linear combination of the simulated temperature profiles. Figure 5 (a) displays the injury response to a mixing of the two extreme wavelengths at 1850 and 1900 nm. The assembly of the ideal ratio-power combination following the 95
• C threshold is presented in Fig. 5(b) . The drawback of combining only the two extreme wavelengths is an increased injury margin as compared to the same treatment depth with a continuously tuned wavelength.
Conceptually, this performance could be significantly improved by adding a third wavelength at an optimized intermediate wavelength of 1876 nm, in a consecutive binary mixing, as indicated in Figs. 5(c) and 5(d). For shallow treatment depths, the power was gradually transferred from the 1900 nm to the 1876 nm wavelength line. To induce injuries beyond the upper threshold of this discrete wavelength, it was then gradually mixed with the 1850 nm wavelength. In this way, the injury margin penalty compared to the wavelength tunable scenario was minimized to an acceptably low level.
Discussion
Wavelength tuning of the therapy beam in LTT in addition to power tuning was shown to effectively extend the achievable injury depth range in both simulation and empirical studies, offering a range from about 150 μm to beyond 1 mm. Based on the simulation results, two conceptual approaches for implementation in therapy systems were discussed. In the first, a single therapy source with continuous wavelength tuning was used, and both power and wavelength were modulated along a predefined path in the two-dimensional parameter space to control injury depth. In the second, a set of two or three fixed wavelength sources were multiplexed, and the relative power of each line was controlled, imitating the effect of a tunable wavelength. While far simpler from the point of view of technical implementation, this second approach only slightly compromised injury control compared to a tunable wavelength in terms of the margin of the injury boundary, and hence seems to be a viable concept for depth controlled LTT. Controlling the injury depth by means of wavelength tuning is possible because of the absorption peak of water located around 1920 nm. In the vicinity of this absorption peak, water is the dominant chromophore in biological tissue. The evaluated wavelength range offers injury depths from about 150 μm to 1 mm. Just beyond this range, the absorption coefficient peaks, and hence tuning beyond 1900 nm offers no benefit. Likewise, reducing the wavelengths below the evaluated range brings barely any gain in penetration depth. The absorption coefficient levels out [see Fig. 1(d) ] and the light propagation in tissue becomes dominated by scattering, limiting the deposition of energy deeper inside the tissue.
Although the available treatment range might be sufficient to treat superficial endothelial lesions, a range of about 2 mm would be desirable to treat, for instance, the whole thickness of the squamous esophageal mucosa. Repeated treatment with intermediate removal of the coagulum could be considered to access larger depths. Another strategy to increase the therapy depth without reaching the vaporization threshold at the surface consists in actively cooling the top surface by forced convection. The presence of the coverslip in the simulations had a strong influence on the temperature profile. Acting as a heat sink, it evacuated heat from the topmost layer in the tissue, forcing the temperature profile to bend, and impacted strongly the vaporization threshold. The good match between experimental and simulated vaporization threshold in Fig. 4(c) was lost when running the simulations without coverslip and instead free convection at the tissue surface. Forced convection could serve to extend the injury depth, even to the point where the top surface no longer experiences thermal injury; this is a mechanism employed to treat only subsurface structures. 27 Yet, such a configuration requires an excellent thermal contact between the heat sink and the tissue, which could be problematic in the envisioned clinical setting.
In this current study, a fractional tissue damage of 0.95 was used as the criterion for treatment depth, as used by others. 22 Chen et al., 28 on the other hand, defined the injury depth as the location where the damage integral = 1, which is equivalent to a fractional damage of 0.63. In their illustrative study, Chen et al. evaluate the thermal damage induced to pig skin in vivo, assessed 48 h after irradiation by histology, and match the injury depth predicted by the model with the depth of thrombosis in the dermis. They compare values for the frequency factor and the activation energy of the Arrhenius model from several sources. The best match is obtained for coefficients reported by Gaylor, 29 which are similar to those employed by Khan et al., 14 whereas all other sets of coefficients, including those of Henriques, 24 used in our study, overestimated the treatment depth. Interestingly, applying Gaylor's coefficients in combination with Chen's criterion to our simulation aggravates the overestimation of our model. Whereas the cited studies considered a static treatment beam, the present work examines a scanned exposure beam, which introduces a smooth temporal envelope to the temperature profile. The resulting slower transition across the threshold temperature inducing thermal damage explains this seeming contradiction.
Chen et al. also analyzed tissue morphological changes and features beyond the induced thrombosis and necrosis, identifying a large zone of perivascular inflammation and edema. Arguing that this inflammatory response is a complex matter, beyond the purely physical effects of laser irradiation, they omitted a model prediction for the extent of this region. Despite this just argument, we employed the margin δ of the transition region between a fractional damage of 0.05 and 0.95 as a measure for this thermal collateral damage. It seems nevertheless reasonable to assume that an ideal temperature step profile induces a smaller irritation in the spared tissue than a slow gradient. Pulsed laser ablation has become a widely accepted method for this very reason. Short and high intensity laser pulses vaporize tissue very locally and nearly instantaneously, limiting the diffusion of heat to surrounding tissue. Only future studies monitoring tissue response to LTT in vivo will elucidate the influence of reversible thermal damage on the healing process and determine the tolerability of the proposed method. Besides the physiological motivation to reduce the transition region, a short δ with a steep temperature slope also reduces the uncertainty on the treatment depth and improves the accuracy of the depth control.
The aim of this work was to develop a numerical model for thermal tissue damage induced by a scanned therapy beam and to investigate the feasibility of wavelength tuning as a mechanism to control injury depth. Both the simulations and the experiments confirmed this approach. The development of more accurate models is certainly possible, but is questionable in view of the experimental setting, where most of the involved parameters are likely to change locally. Depending on these local tissue properties, the absolute mapping of power and wavelength to treatment depth will vary. The presented tuning mechanism, however, should prevail. In combination with OFDI, which can provide feedback on the progress of therapy in realtime, 26 true depth-controlled LTT could be achieved by continuously tuning the laser parameters until the image guided target depth is attained, rendering the therapy independent of tissue properties.
In conclusion, the present study discussed the use of wavelengths close to the water absorption peak at 1920 nm to control the thermally induced injury depth in epithelial tissue. We developed a numerical model in order to gain insight into the underlying physical mechanisms and corroborated the simulations with experimental results of LTT ex vivo. With the numerical model as a design tool at hand, we outlined two configurations for depth controllable LTT: a continuous power and wavelengthtunable laser source or, alternatively, a combination of two or three discrete and independently power controlled wavelength sources. Both approaches are anticipated to provide accurate control over the depth of thermally-induced damage to tissue, and may represent improved strategies for the treatment of endothelial lesions.
